INTRODUCTION
============

Thermal ablation is the destruction of tissue *in situ* using heat. In this technique, devices deliver energy to raise tissue to lethal temperatures (above \~50-60 °C). Many energy sources, including laser, microwave, radiofrequency currents, thermal conduction and high intensity ultrasound, have been used for performing ablation. Cryoablation is another form of thermal ablation that involves freezing to cause cell death. These techniques have been used in diverse medical applications including treatment of cancer and benign tumors, cardiac arrhythmias, tissue reshaping and others \[[@R1]\]. Several reviews of the different energy modalities for thermal ablation of tissue are available in the literature \[[@R1]-[@R4]\]. While radiofrequency ablation (RFA) \[[@R5]\] and cryoablation \[[@R6]\] have been the most clinically used modalities for thermal ablation of hepatic tumors, microwave ablation (MWA) is a promising technology that offers several advantages to these techniques. Advantages of using microwaves over other energy modalities for thermal tumor ablation have been reviewed elsewhere \[[@R3], [@R7], [@R8]\]. Briefly, microwaves enable faster heating of larger targets, induce higher temperatures within tissue, are less susceptible to perivascular heat sinks and do not require the use of ground pads. In this review, we focus on the use of MWA for treatment of liver tumors. MWA is also being explored for treating tumors in kidney \[[@R9], [@R10]\] , lung \[[@R11]-[@R13]\], bone \[[@R14], [@R15]\], prostate \[[@R16], [@R17]\] and other tumors \[[@R18]\], as well as for treatment of cardiac arrhythmias \[[@R19]\]. Lastly, microwave energy has also been used for regional hyperthermia (moderate elevation of tissue temperatures to \~41-45 °C), which is typically used as an adjuvant to radiotherapy and/or chemotherapy \[[@R20], [@R21]\].

During MWA, an antenna (also referred to as applicator or device) is inserted into the target organ either percutaneously, laparoscopically or under open surgery, with ultrasound or CT guidance. Several antennas have been developed for microwave tissue ablation, such as the slot antenna \[[@R22], [@R23]\], cap-choke antenna \[[@R24]\], floating sleeve antenna \[[@R25]\], and triaxial antenna \[[@R26], [@R27]\], and have been reviewed in \[[@R28]\]. Microwave energy, typically at 915 MHz or 2.45 GHz, radiated by the antenna causes rapid rotation of water, proteins and other polar molecules in tissue, a process known as dielectric hysteresis. This in turn leads to heating of the tissue. Cell death is a function of elevated temperature and the duration for which the elevated temperature is maintained \[[@R29]\]. At temperatures exceeding 60 °C, cell death is almost instantaneous \[[@R30]\]. Typical treatment durations are on the order of 3 to 12 min \[[@R2]\].

For treatment of cancer, the goal of thermal ablation mechanisms is to create an ablation zone that extends 1 cm beyond the tumor boundary at all points \[[@R31]\]. The 1 cm safety margin is used in order to ensure complete destruction of the entire tumor and to minimize chances of recurrence. The extent of the ablation zone is determined by the time-temperature profile created in tissue by the supplied electromagnetic energy \[[@R32]\]. Thus, there is a need for techniques to accurately predict and measure the transient temperature profile in tissue during ablation treatments.

Theoretical models of MWA solve the partial differential equations (PDEs) governing electromagnetic wave propagation and heat transfer in tissue to determine the resultant temperature change during an ablation procedure. Due to the temperature dependence of tissue physical properties, these problems are inherently coupled. Analytical methods are rarely applicable because of complex device geometries and nonlinear tissue properties. Instead, numerical techniques are frequently employed to solve the relevant PDEs with the aid of computers. While *in vivo* animal studies and clinical trials are the ultimate test for evaluating devices, theoretical models play a crucial role during the design of devices for MWA -- serving as a quick, convenient and inexpensive evaluation to isolate and optimize promising devices for prototyping. They also serve as a means for understanding the interaction between the various physical phenomena that occur during ablation treatments. Lastly, theoretical models are being explored for use in patient-specific treatment planning to improve the efficacy of thermal ablation therapies.

This paper reviews progress in the field of theoretical modeling of microwave tissue ablation. The rest of this paper is organized as follows. First, we describe the physical phenomena that occur within tissue upon application of electromagnetic energy. Next, we describe methods for modeling these phenomena using numerical techniques. We discuss challenges specific to modeling high temperature microwave ablation. Finally, we conclude with a review of current research trends towards developing improved theoretical models for microwave tissue ablation. We limit the scope of this paper to oncologic applications and specifically to treatment of liver tumors, which has been the most widely reported site for MWA.

PHYSICAL PHENOMENA DURING MICROWAVE TISSUE ABLATION
===================================================

The ultimate goal of computer models for microwave tissue ablation is to predict the induced tissue damage. Since tissue damage is a function of the time-temperature history, accurate prediction of the temperature profile in tissue is necessary. The temperature profile in tissue during an ablation procedure is largely defined by two physical phenomena: (1) interaction of microwaves with tissue and (2) heat transfer in tissue. This section reviews microwave absorption and heat transfer in tissue, as well as a synopsis of tissue damage due to elevated temperatures.

Microwave Absorption in Tissue
------------------------------

The propagation and absorption of microwaves in tissue is governed by Maxwell's equations, stated in equations (1) -- (4).

$$\nabla \cdot \text{D} = \mathit{\rho}_{free}$$

$$\nabla \cdot \text{B} = 0$$

$$\nabla \times \text{E} = - \frac{\partial\text{B}}{\partial t}$$

$$\nabla \times \text{H} = \text{J} + \frac{\partial\text{D}}{\partial t}$$

where **D** \[C/m^2^\] is electric flux density, **B** \[T\] is magnetic field, **E** \[V/m\] is electric field strength, **H** \[A/m\] is magnetic field intensity, *ρ*~free~ \[C/m^2^\] is free charge density, and **J** \[A/m^2^\] is current density. The electromagnetic fields radiated in tissue by a given antenna can be determined by solving Maxwell's equations, given knowledge of tissue electromagnetic properties (permittivity and conductivity) and appropriate initial and boundary conditions. Therefore, it is of critical importance to characterize the relevant electromagnetic properties of tissue and how they change during the course of an ablation, in order to develop accurate models of the ablation process.

The absorption of electromagnetic power in tissues is a function of their material properties---dielectric permittivity, *ε* \[F/m\] and conductivity *σ* \[S/m\]. The (effective) conductivity, *σ*, of a material is given by *σ* = *σ*~s~ + *σ*~a~ where *σ*~s~ and *σ*~a~ are the static and alternating (also referred to as dielectric) conductivities, respectively. Static conductivity accounts for losses at dc, while alternating conductivity accounts for losses when the material is subjected to alternating fields. Absorption of electromagnetic power in a material is often characterized by the material's loss tangent, which is defined as *σ/ωε*, where *ω* \[rad/s\] is angular frequency. If *σ/ωε* \<\< 1, then the material is considered to be a low loss material, one that does not absorb much of the electromagnetic energy propagating though it. Materials with *σ/ωε* \~ 1 are referred to as lossy, and absorb substantial electromagnetic energy as waves propagate through them. The permittivity and conductivity of a material may be lumped together into a single, complex valued number known as its complex permittivity given by:

$$\mathit{\varepsilon}_{\text{r}} = \mathit{\varepsilon}_{\text{r}}^{'} - j\frac{\mathit{\sigma}}{\mathit{\omega}\mathit{\varepsilon}_{0}}$$

where *σ* \[S/m\] is the effective conductivity, *ε*~r~*'* \[F/m\]is the real relative permittivity of the material and *ε*~0~ \[F/m\] is the permittivity of free space.

Most organ tissues are lossy, with alternating conductivity much larger than static conductivity. In soft tissue, both *σ* and *ε* vary with frequency, temperature and water content. Below, we review several methods for characterizing changes in tissue dielectric properties as a function of frequency, temperature and water content.

The Cole--Cole model is the most widely used method for specifying frequency-dependent complex permittivity of tissue. The Cole--Cole equation is:

$$\mathit{\varepsilon}\left( f \right) = \mathit{\varepsilon}_{\mathit{\infty}} + {\sum\limits_{n}{\frac{\mathit{\varepsilon}_{s} - \mathit{\varepsilon}_{\mathit{\infty}}}{1 + \left( {\mathit{j2}\mathit{\pi}f\mathit{\tau}_{n}} \right)^{1 - \mathit{\alpha}_{n}}} + \frac{\mathit{\sigma}_{i}}{2\mathit{\pi}\mathit{\varepsilon}_{0}}}}$$

where *ε~∞~* is the relative permittivity at infinite frequency, ε~s~ is the relative permittivity at dc, *f* \[Hz\] is frequency, *τ~n~* is the *n*^th^ relaxation time constant, *α~n~* is an attenuation constant and *σ*~i~ \[S/m\] is dc conductivity. Relaxation from multiple frequency bands can be incorporated with the use of *n* relaxation terms in (6). Cole--Cole model parameters have been determined for many different soft tissues and are readily available in the literature \[[@R33], [@R34]\].

A few studies have reported dielectric properties of tumor and normal liver tissues. Stauffer *et al*. \[[@R35]\] measured dielectric properties of excised samples of primary liver cancer (hepatocellular carcinoma), liver metastases (metastatic colorectal carcinoma) and normal liver tissue from human subjects. Relative permittivity and conductivity of liver tumors were found to be 12% and 24% higher than normal liver tissue \[[@R35]\]. Their study also showed that properties of *ex vivo* bovine tissue, a commonly used model for evaluating prototype devices, are similar to that of normal liver tissue. O'Rourke *et al.* \[[@R36]\] measured wideband dielectric properties of normal and malignant human liver tissues, both *in vivo* and *ex vivo*. Results of this study agreed with \[[@R35]\], showing that relative pertmittivity and conductivity of malignant tissue is higher than that of normal tissue, when measured *ex vivo*. However, for measurements made *in vivo*, they reported no statistically significant differences in tissue dielectric properties. Further studies to characterize dielectric properties of tissue *in vivo* are warranted.

Dielectric properties of tissue are also dependent on temperature. This is mainly due to temperature-dependent dielectric property changes of tissue water and proteins. At temperatures above 60 °C, when protein denatures, changes in tissue dielectric properties are irreversible. Coefficients of dielectric property changes as a function of temperature (up to 60 °C) have been determined from measured data \[[@R34], [@R37]\]. Relative permittivity decreases slightly with temperature -- -0.2/°C at 915 MHz and -0.1/°C at 2.45 GHz \[[@R34], [@R37]\]. Conductivity increases slightly with temperature -- 1.33/°C at 915 MHz and 0.4/°C at 2.45 GHz \[[@R34], [@R37]\]. While specifying temperature coefficients for dielectric properties has been widely used, other approaches have also been suggested. For instance, Lazebnik *et al.* \[[@R37]\] measured wideband dielectric properties of tissue at temperatures up to 60 °C, and determined coefficients for a polynomial fit to the temperature-dependent Cole--Cole parameters. Measurements of tissue dielectric properties at temperatures in excess of 60 °C are scarce. Brace \[[@R38]\] reported measurements of tissue dielectric properties at 915 MHz and 2.45 GHz taken during RF ablation of *ex vivo* liver tissue, showing a sharp fall (up to 50%) in relative permittivity and conductivity at temperatures near 100 °C. This was likely due to tissue water vaporization at these temperatures. When heating was stopped, measured dielectric properties at lower temperatures were much lower than their original values, indicating irreversible damage \[[@R38]\]. Further studies of dielectric properties are warranted at elevated temperatures up to 150 °C, which are routinely achieved during MWA \[[@R39]\]. At elevated temperatures, it is difficult to isolate changes in dielectric properties solely as a function of temperature, as changes due to water vaporization and subsequent tissue desiccation are dominant. Ultimate, a method for characterizing tissue dielectric properties as a function of thermal dose is desirable.

Changes in tissue dielectric properties have also been characterized as a function of their water content \[[@R40]\] (see Table **[1](#T1){ref-type="table"}**). At steady-state, liver tissue is approximately 78% water by mass. At temperatures above 100 °C, tissue water evaporates and tissue water content may decrease to less than 20% by mass. This results in drastic changes in tissue dielectric parameters. Since a large fraction of liver tissue consists of water, the dielectric properties of liver tissue are similar to those of water. As water evaporates, liver tissue becomes less lossy, which results in greater penetration of microwaves. Consequently, the radiation pattern and impedance matching of the antenna may change substantially during the course of an ablation.

Heat Transfer in Tissue
-----------------------

The temperature profile in tissue during ablation is obtained by solving a bioheat equation. The most widely used bioheat equation for modeling thermal therapy procedures is the Pennes bioheat equation \[[@R41]\]:

$$\mathit{\rho}c\frac{\mathit{dT}}{\mathit{dt}} = \nabla \cdot k\nabla T + Q - Q_{\text{p}} + Q_{\text{m}}$$

where *ρ* \[kg/m^3^\] is mass density, *c* \[J/kg·K\] is specific heat capacity, *k* \[W/m·K\] is thermal conductivity, *T* \[K\] is temperature, *Q* \[W/m^3^\] is the absorbed electromagnetic energy, *Q*~p~ \[W/m^3^\] is the heat loss due to microvascular blood perfusion, and *Q*~m~ \[W/m^3^\] is metabolic heat generation. The blood perfusion term, *Q*~p~, is given by (8).

$$Q_{\text{p}} = \mathit{\omega}_{bl}c_{bl}\left( {T - T_{bl}} \right)$$

where *ω*~b~ \[kg/m^3^·s\] is blood perfusion rate, *c*~bl~ \[J/kg·K\] is the specific heat capacity of blood and *T*~bl~ \[K\] is blood temperature. Generally, *Q*~m~ is ignored as its magnitude is substantially smaller than other terms in this equation. The absorbed electromagnetic energy, *Q*, is computed from the electromagnetic field distribution in tissue, and is given by (9).

$$Q = \frac{1}{2}\mathit{\sigma}\ \left| E \right|^{2}$$

When normalized by tissue density, *Q* is referred to as the specific absorption rate (SAR).

As is the case with the electromagnetic model, characterization of tissue thermal properties is essential for accurate prediction of the temperature profile. Tissue thermal properties vary as a function of temperature and water content \[[@R34]\].

Thermal properties of tissue -- thermal conductivity, specific heat capacity, and density -- have been measured by various groups and reported in the literature. Tissue density is typically assumed constant with temperature. For ablations where maximum temperature exceeds 100 °C and water vaporizes, tissue density should be adjusted to account for desiccation. Empirical formulae for various tissue densities as a weighted average of their principal constituents have been reported \[[@R34]\] . Specific heat capacity for various tissue types is available in the literature \[[@R34]\]. Haemmerich *et al*. \[[@R42], [@R43]\] measured specific heat of bovine liver as a function of temperature up to \~85 °C. Specific heat of bovine liver tissue was found to increase with temperature by up to 18% at 83.5 °C. At more elevated temperatures, accurate measurement of specific heat is difficult due to sample water loss as it is heated. For ablations where peak temperatures are above 100 °C, it is important to account for the latent heat associated with water vaporization -- a substantial heat sink \[[@R44]-[@R47]\]. Thermal conductivity of various tissue types have been measured as functions of temperature, both *ex vivo* and *in vivo* \[[@R48], [@R49]\]. Thermal conductivity of *ex vivo* bovine liver tissue increases slightly with temperature, with a coefficient of 0.00033/°C \[[@R48]\]. No data for thermal conductivity above 90 °C have been presented. To account for changes due to water vaporization, empirical formulate taking into account thermal conductivities of the principal constituents of tissue have been used \[[@R34]\].

The Pennes equation incorporates heat loss due to blood perfusion, modeling it as being proportional to the temperature difference between entering blood in the capillaries and local tissue. All heat transfer between tissue and blood is assumed to occur in the capillary bed. Many studies have shown this to be erroneous and more complex and rigorous models of heat transfer within tissue have been developed \[[@R50]-[@R52]\]. An excellent review of bioheat transfer models is provided in \[[@R53]\]. Nevertheless, the Pennes equation remains a remarkably effective method for modeling heat transfer in tissue during thermal ablation. Most models reported in the literature employ a constant blood perfusion up to a critical temperature -- usually 60 °C -- above which the perfusion term is set to zero. This is done to model the effect of collagen shrinking in vessel walls, leading to cessation of blood flow. However, experimental measurements during hyperthermia treatments have demonstrated that blood perfusion in response to elevated temperature is a complex function of temperature and time \[[@R54], [@R55]\]. He *et al.* \[[@R56]\] modeled perfusion as initially increasing with thermal damage to tissue, before decreasing linearly with thermal damage. For hepatic RFA, Schutt and Haemmerich \[[@R57]\] showed that the choice of blood perfusion model substantially impacts the size and shape of ablation zone. There have been few reports of measured perfusion during ablation treatments. Moreover, due to differences in vasculature of tumor, blood perfusion within the tumor is likely substantially different from that of normal tissue. *In vivo* measurements of blood perfusion during thermal ablation of tumors would allow for improved modeling of this parameter.

The Pennes bioheat equation does not account for heat loss due to blood flow through large, discrete vessels -- "the heat sink effect." The liver is a highly perfused organ with many large blood vessels. Ablations performed in proximity to these vessels are susceptible to the heat sink effect. Heat transfer due to blood flow in large vessels near tumors should be taken into account during planning of treatments with theoretical models. One method for doing so is to specify an effective convective heat transfer coefficient along the vessel surface \[[@R58],[@R59]\]. A more complete analysis incorporates the complex relationship between blood flow dynamics in the vessel and transient temperature \[[@R60]\].

Thermal Damage in Tissue
------------------------

Tissue damage due to heating is a complex function of the amount of temperature elevation as well as the duration of temperature elevation, and has been studied in great detail in the field of hyperthermia. Reviews of methods for quantifying tissue damage due to elevated temperatures are available \[[@R32], [@R61], [@R62]\]. Henriques and Moritz were the first to introduce kinetic models of tissue damage due to temperature \[[@R63], [@R64]\]. The survival fraction of cells in tissue exposed to elevated temperature is given by:

$$\Omega\left( t \right) = \ln\left\{ \frac{C\left( 0 \right)}{C\left( t \right)} \right\} = {\int\limits_{0}^{\tau}A\text{exp}}\left( {- \frac{E_{a}}{\mathit{RT}\left( \tau \right)}} \right)\mathit{dt}$$

where *C*(0) is the original concentration of undamaged cells prior to heating, *C*(*t*) is the concentration of undamaged cells after heating, *Ω* is a dimensionless damage parameter, *A* \[1/s\] is frequency factor, *E*~a~ \[J/mol\] is the activation energy required to transform tissue from normal to damaged state, *R* \[J/(mol.K)\] is the universal gas constant and *T* \[K\] is absolute temperature history of tissue. Activation energies for various tissue types have been measured and are available in the literature \[[@R61]\]. Most of the measurements for these parameters have been taken for moderate elevations in tissue temperature -- lower than the goal temperature for thermal ablation therapy. Further measurements of cell damage parameters at elevated temperatures for various tumor and normal tissue types are warranted, to effectively evaluate the use of kinetic models for thermal damage in tissue during ablation treatments.

Another model for cell-damage presented by Sapareto and Dewey \[[@R30]\] represents thermal damage with reference to equivalent time at a reference temperature (typically, 43 °C). The time taken to achieve irreversible cell damage in cells exposed to elevated temperatures halves for each unit rise in temperature, above 43 °C. Thresholds for Ω and cumulative equivalent minutes at 43 °C have been measured and correlated with experimentally observed tissue damage for various ablation modalities. Other models for cell death such as loss of birefringence \[[@R65]\] and heat-shock protein expression \[[@R66]\] have been developed.

Typically, the predicted transient temperature profile from theoretical models is compared with experimentally measured data. As ablation treatments are used more frequently in the clinic, models incorporating tissue damage will be required for predicting treatment efficacy. Critical isotherms (typically \~55---60 °C), which corresponds to visible thermal coagulation of tissue, are frequently used for evaluating ablation devices.

NUMERICAL MODELS OF MICROWAVE TISSUE ABLATION
=============================================

Due to the nonlinearity of tissue properties and complex device geometries, analytical techniques are seldom used for solving the PDEs (1) -- (4) and (7) to determine transient temperature profiles in tissue. Instead, numerical techniques such as the finite element method (FEM) and the finite difference time domain (FDTD) method are widely used to discretize the PDEs in time and space and solve for the temperature profile in tissue. Other numerical techniques such as the method of moments have also been used for solving Maxwell's equations in tissue. Many commercial tools are available for simulating tissue heating using these techniques, such as COMSOL Multiphysics, ANSYS, HFSS, and SEMCAD, while some groups have developed custom codes for simulating microwave heating of tissue. This section reviews the requirements for creating numerical models for microwave tissue ablation. It also describes MWA models of varying complexity that have been presented in the literature.

Geometry
--------

Models that include a three dimensional definition of the antenna and target tissue are the most realistic representation of the physical problem. Typically, a simplistic geometric model of the target organ is employed for computer modeling of antenna during device design. However, some models have taken into account the geometry of target organs from imaging scans. Tissue is typically modeled as a homogenous block, ignoring the microvasculature and pores. Most models do not include distinct definitions of tumor and normal tissue. This is likely because theoretical models are usually validated in tissue phantoms and *ex vivo* models. Furthermore, the most frequently used *in vivo* animal model, porcine liver, does not incorporate a tumor. Most devices for hepatic microwave ablation are based on a coaxial design. The antenna structure is specified in fine detail so as to obtain a good approximation of its radiation pattern. Axisymmetric models can be employed to solve Maxwell's equations and the bioheat equation \[[@R67]\] for cylindrically symmetric coaxial designs. The antenna structure is usually specified in fine detail so as to obtain a good approximation of its radiation pattern.

Boundary and Initial Conditions
-------------------------------

Appropriate boundary and initial conditions need to be specified for solution of the relevant PDEs. Initial tissue temperature is set to body core temperature of 37 °C. The source term for the electromagnetic model needs to be carefully specified in order to launch the appropriate electromagnetic wave. Typically, for coaxial structures, azimuthal magnetic field corresponding to the intended input power is specified at one end of the coaxial cable \[[@R67]\]. For the electromagnetic problem, the boundary conditions along the edge of the tissue are typically specified as a perfectly matched layer (PML) or absorbing/low reflecting boundary condition to simulate an infinitely large medium. This is done in order to prevent microwave energy reflecting back into target zone from the edge of the boundary. In practice, this is negligible since the size of the tissue being modeled is typically larger than several penetration depths of microwaves. For the thermal problem, boundary conditions along the edge of the simulation space are specified as fixed temperature corresponding to body core, or as thermally insulating boundary conditions.

In order to reduce size of the simulation space, many models exclude metallic components by modeling them as perfect electric conductors (PEC). For a material with infinitely large electric conductivity, the electric field in the material goes to zero. By setting the boundary condition along the edges of all metallic components, these parts can be excluded from the computational domain. However, such models inherently ignore any losses in the coaxial cable structure. While these losses have little bearing on the radiation pattern of the antenna, they do not account for heating of the coaxial cable due to conductor and dielectric loss. Observations from experimental studies show that substantial heating of the coaxial feedline occurs during high power microwave ablation. This is likely due to dielectric and conductor loss in the coaxial feedline assembly. Therefore, accurate models should account for losses in the coaxial feedline. However, this is a challenging task since skin depth in most good conductors used for coaxial cable (e.g. copper) is very small, thus extremely fine spatial discretization is needed, which comes at the expense of increased computational burden. In the thermal model, all metallic components are readily included within the computation domain by specifying appropriate thermal properties. Fig. (**[1](#F1){ref-type="fig"}**) shows a slice through an FEM model of a coaxial antenna with two ring slots.

Spatial and Temporal Discretization
-----------------------------------

When discretizing the computational space, wavelength in tissue is the governing factor for maximum node spacing. Typically, the maximum inter-node spacing should be an order of magnitude lower than the wavelength in tissue at the frequency of operation. For instance, at 2.45 GHz, the wavelength in liver tissue is 1.85 cm. Thus, a maximum node spacing of 1 mm suffices. Finer spacing should be used at the source boundary, as well as boundaries between the antenna radiating element and tissue. Meshes created for solution of Maxwell's equations are more than sufficiently accurate for solution of the thermal model. Variable node spacing is usually employed to focus more computational resources in critical regions (e.g. source boundary, antenna tissue interface) and use fewer resources in regions further away from the antenna. For the FDTD method, limits on the maximum time step are governed by the Courant stability criterion \[[@R68]\]. Algorithms incorporating variable time-steps have been developed to speed up computation.

Although the above general guidelines work well in most cases, a Cauchy convergence test should be performed to determine whether the mesh resolution and time step size are sufficiently small. This is performed by computing some objective quantity (e.g. antenna reflection coefficient, *S*~11~ or size of ablation zone) using the model when for increasingly finer meshes. When the change in the objective quantity due to finer mesh drops below a specified threshold, the mesh size used can be assumed to be sufficient for the problem at hand.

The following sections discuss theoretical models of various complexity for microwave tissue ablation. Some of these models are more geared towards design, optimization and testing of applicators, while others are more suitable for predicting temperature profiles induced in animal tissue models. Complexity, which is directly related to computational burden, and accuracy of the model are traded off depending on the application, when selecting a model.

SAR Models
----------

The simplest mathematical models of devices for MWA infer tissue temperature based purely on the absorption of electromagnetic energy. Mathematically, this can be expressed as:

$$Q = \mathit{\rho}c\frac{\mathit{dT}}{\mathit{dt}}$$

This equation is obtained from (5) by neglecting terms due to metabolism, thermal conduction and perfusion. The temperature profile at any instant of time can be obtained by discretizing the time derivative in (11).

The main advantage of this model is that a steady-state solver can be used to solve Maxwell's equations to determine the resistive heating in tissue, from which temperature computation is trivial. The ability to use a steady-state solver greatly reduces computational time, making this model a particularly attractive choice in applications where a quick, but not necessarily highly accurate, prediction of the ablation zone is required. This is usually the case during model-based optimization of devices \[[@R68]\]. Although not highly accurate, the SAR profile in tissue provides a fair estimation of the heating profile since the direct deposition of electromagnetic energy has been shown to be the major contributing factor to heat transfer in tissue during thermal ablation \[[@R70]\].

SAR models are frequently used during the experimental validation of devices in tissue-mimicking phantoms \[[@R71], [@R72]\]. For this procedure, high power microwave energy is fed to the device under test for short (\< 30 s) durations. The device under test is immersed into a material with dielectric and thermal properties similar to those of biological tissue. Temperature measurements at several points are then compared to simulated temperatures, using equation (11), to determine the match between simulated and fabricated antennas. For short duration, high power ablation, thermal conductivity can be neglected and any change in phantom temperature is due to deposition of electromagnetic energy. The measured and simulated temperatures are then compared. This model is rarely used for predicting temperature profiles in *ex vivo* or *in vivo* tissue, for treatment durations longer than 30 s.

EM-Thermal Model with Static Tissue Properties
----------------------------------------------

A more realistic model than SAR models is one that incorporates thermal conductivity and blood perfusion, such as the complete Pennes bioheat equation stated in (7). The simplest implementation of this model uses tissue physical properties that are held constant throughout the duration of the ablation. Typically, this model solves the electromagnetic problem using a steady-state solver, and then uses a fixed *Q* as input for solution of the thermal model using a transient solver. Since tissue physical properties do not change for this model, there is no need to recompute *Q* during the course of the ablation---that is, the coupling between the electromagnetic and thermal models is only in one direction. While such a model is relatively easy to implement, tissue temperatures obtained from such models are unrealistically large since they do not account for reduced tissue conductivity and permittivity at higher temperatures, as well as the significant heat sink associated with water vaporization \[[@R45]\]. Nevertheless, these models are an improvement over simple SAR models since they account for thermal conduction and blood perfusion, in the case of *in vivo* studies. Moreover, although tissue temperatures in the target region may be large, the extent of ablation zones measured using these models correlates well with ablation zones created in *ex vivo* experiments \[[@R45]\].

Some studies use an experimentally measured SAR pattern to determine the heat source for the Pennes equation \[[@R56], [@R71]\]. This approach yields excellent correlation with experimentally measured temperature profiles both *ex vivo* and *in vivo*, if peak tissue temperatures do not exceed 80 °C \[[@R56]\]. However, at higher tissue temperatures, desiccation and water vaporization have a substantial impact on dielectric properties of tissue, thereby altering SAR pattern significantly.

Comprehensive Models of Microwave Ablation
------------------------------------------

The major shortcoming of models that solve the bioheat equation without incorporating varying tissue properties during the course of an ablation is that they compute unrealistically high tissue temperatures, which do not correlate well with experimental measurement. Analysis of changes in tissue dielectric properties during the course of the ablation provides an insight into why this occurs. Table **[1](#T1){ref-type="table"}** lists empirical formulae for tissue physical properties as a function of water content. As tissue water evaporates, water content drops dramatically, resulting in tissue becoming less lossy. Thus, microwaves can penetrate further into tissue before getting absorbed. Consequently, less energy is absorbed in tissue closer to the antenna, and predicted tissue temperatures will be lower than compared to the case where tissue dielectric conductivity remains unchanged. Furthermore, there is significant heat loss associated with tissue water vaporization that is not accounted for in simplistic models.

Yang *et al.* \[[@R45], [@R73]\] presented a comprehensive computer model of high power microwave tissue ablation, incorporating dynamic changes in tissue dielectric and thermal properties, based on experimental measurements of tissue water content \[[@R39]\]. Their studies presented a mapping function to compute tissue water content from temperature. Since changes in physical properties of tissue due to changes in water content dominate any changes due to elevated temperature, physical properties of tissue were computed using the empirical formulae shown in Table **[1](#T1){ref-type="table"}**. The comprehensive computer model provided good correlation with experimentally measured temperatures Fig. (**[2](#F2){ref-type="fig"}**) shows an image of the ablation zone created in *ex vivo* bovine tissue, compared to simulated temperature profiles, taken from \[[@R45]\].

Although \[[@R45]\] is the most comprehensive model of microwave tissue ablation presented in the literature, it still has several shortcomings. First, the mapping between temperature and tissue water content only takes into account instantaneous temperature. Tissue water content is likely a function of the time-temperature history. More experiments need to be performed to determine if this mapping holds true in general. Second, the model assumes that evaporated tissue water diffuses from the target region and recondenses uniformly in tissue at lower temperatures. The model does not take into account any heat transfer that occurs between diffusing steam and bulk tissue. Lastly, the model does not include any consideration of dynamic changes in tissue blood perfusion during the course of ablation. Recent studies for low temperature MWA and RFA have shown that dynamic changes in tissue blood perfusion have a substantial impact on the size and shape of the predicted ablation zone \[[@R56], [@R57]\]. Other models for high temperature MWA have accounted for tissue water vaporization, and associated changes in tissue thermal properties, only around the phase change temperature \[[@R47]\]. However, changes in the antenna radiation pattern after tissue water vaporization were not considered.

A comprehensive computer model for microwave tissue ablation, taking into account all changes in tissue properties critical to accurate modeling of tissue temperature and cellular damage, is yet to be developed. Fig. (**[3](#F3){ref-type="fig"}**) illustrates the flow of operations for such a comprehensive model of microwave tissue ablation taking into account the complex physical phenomena occurring during high temperature ablation. Improved characterization of tissue properties would facilitate incorporation of these phenomena into existing models.

CURRENT CHALLENGES AND RESEARCH TRENDS
======================================

Computer modeling of MWA continues to be a prominent subject of research in the field of thermal tumor ablation. In this section, we review current challenges and research trends associated with theoretical modeling of microwave tissue ablation.

There have been few reports in the literature comparing theoretically predicted temperature profiles and tissue damage with *in vivo* experiments, especially for high temperature ablation. One of the main reasons for this has been the lack, until recently, of suitable techniques for spatial measurement of temperature during ablations. Most studies have measured temperature at discrete points using invasive thermal sensors. Recent developments in magnetic resonance imaging (MRI) have paved the way for accurate, high resolution, volumetric thermal imaging of tissue during ablations \[[@R74]-[@R76]\]. However, MRI machines necessitate the use of MRI compatible devices, which are not as readily available as simple copper-based coaxial cables. Moreover, techniques to overcome respiratory motion artifacts, often unavoidable *in vivo*, need to be developed \[[@R77]\]. Techniques for absolute temperature measurement using diagnostic ultrasound are also under development \[[@R78]-[@R80]\].

In addition to the theoretical models described in this paper, other computer models of microwave heating have been modeled for other applications. Models of heat and mass transfer in porous media have been developed for microwave heating with applications in food science \[[@R81], [@R82]\]. Modeling bulk liver tissue as a porous medium may make these models amenable for simulating microwave tissue ablation. However, applying these models necessitates measurements of several tissue physical properties that are currently unavailable. Moreover, the models are inherently complex and may not be suitable for quick evaluation in 3D geometries. Nevertheless, these models may provide an insight into the effects of steam heating, which has not been considered in models developed to date.

Blood flow in large, discrete vessels -- macrovascular perfusion -- is a significant heat sink that has substantial impact on size and shape of an ablation zone. One of the theoretical advantages of using microwave energy for ablation of highly perfused organs such as the liver and kidney is that it may be more effective for heating in the vicinity of large vessels. Some experimental studies have investigated the ability of ablating targets close to large blood vessels using microwave energy. Compared to lesions created by radiofrequency ablation, which tend to dip in near vessels, ablation zones created using microwave energy encompass the vessel. It is hypothesized that this may be due to heating effects of steam moving through the vessel as a path of least resistance. There are few reports of theoretical models to incorporate this behavior. Liu *et al.* \[[@R60]\] used a coupled fluid flow-thermal model to analyze performance of microwave ablation near an arterial bifurcation. However, their model does not include a high temperature treamtent and dynamic tissue changes. More comprehensive model taking into account dynamic tissue properties and steam heating are being explored. Impact of power deposition within the vessel (microwave energy absorbed by the vessel wall and blood) should also be considered. The impact of blood vessel cooling may be explored using a convective boundary condition on the vessel boundary, as has been done for RFA. A more accurate model would use the approach of \[[@R59]\] and include a coupled fluid flow model to explore the impact of various flow profiles on the ablation zone.

Antennas for microwave ablation have been developed to operate at frequencies of 915 MHz and 2.45 GHz. At lower frequencies, penetration depth of microwaves is greater than at 2.45 GHz, which may lead to larger ablation zones. An in depth study of the optimal frequency for ablation has not been reported in the literature. Computer models are an ideal tool for exploring the tradeoff between different frequencies and selecting optimal operating frequencies for microwave ablation devices. They may also be used to explore modifications of device designs and treatment parameters for devices developed to treat other organs.

Theoretical models may also be used to explore different treatment delivery strategies. One of the advantages of microwave ablation is that higher tissue temperatures may be attained *in vivo*, leading to larger ablation zones. However, these higher temperatures may be undesirable or even dangerous in certain situations, for instance, when treating tumors near large blood vessels. Appropriate power modulation and control schemes are being explored to limit maximum tissue temperatures while ensuring complete target coverage. Theoretical models provide a quick and convenient method for evaluating various control algorithms.

The impact of inter-patient variations in tissue properties has not been studied in great detail for microwave ablation. Computer models are an excellent tool for performing such a study, as they allow quick evaluation of ablation quality for a wide range of parameters. A study of the effect of inter-patient variation is of great importance as it helps determine the robustness of the treatment modality. Moreover, it may be used to determine how treatment parameters should be adjusted for different cases. Recently, dos Santos *et al*. \[[@R83]\] proposed a method to analyze the impact of random variations in tissue properties using the unscented transform and finite element simulations of radiofrequency ablation. Prakash *et al*. \[[@R69]\] considered interpatient variations in dielectric properties to optimize the design of an antenna robust to changes in dielectric properties of tissue. More extensive studies to analyze the full impact of varying tissue properties are warranted.

Computer models of thermal therapy taking into account patient specific anatomies are being developed for hyperthermia applications \[[@R84]-[@R86]\]. These models are a valuable resource for pre-planning treatments as well as for post-treatment assessment of cases. Treatment planning tools may help physicians performing ablation procedures determine parameters such as optimal antenna placements, power levels and treatment durations, *a priori*, for individual patients. These parameters may need to be adjusted during the course of the treatment given feedback from lesion monitoring technology e.g. temperature maps from MR thermometry. Currently, treatment planning for clinical RFA is heavily dependent on the physician performing the procedure. The development of accurate and fast computer models and technologies for monitoring growth of the ablation zone will pave the way for computerized treatment planning. Combining computer models capable of predicting temperature history and imaging/temperature scans of the anatomy being treated would allow physicians to get a better understanding of the chances of success before and during the treatment. Imprecise and suboptimal applicator positioning, especially for cases involving multiple overlapping ablation zones, has been highlighted as a potential contributor to increased recurrence rates for larger tumors. Combining imaging scans with computer models that highlight optimal treatment parameters will enable the use of automated applicator positioning, which may help reduce recurrence rates.

Patient specific models used for planning clinical treatments require accurate models that can be evaluated in near real time. The most comprehensive models of microwave ablation developed to date take several hours of computation time on a modern PC. Nonetheless, some studies have attempted to incorporate these models into interactive treatment planning systems. Zhai *et al*. \[[@R87]\] developed a patient-specific planning platform that allows surgeons to adjust the trajectory path for inserting an interstitial MWA antenna. The predicted zone of damage calculated from an FEM model is overlaid on the patient anatomy to help physicians determine optimal trajectories for inserting the applicator (Fig. **[4](#F4){ref-type="fig"}**). Some studies have considered using simplified models to improve computation time, at the expense of accuracy. Villard *et al.* \[[@R88]\] used a sphere-packing algorithm to determine optimal probe positioning for RFA. The size of spheres created by an ablation needle was determined from experimental data. While this method makes prediction of the size and shape of the ablation zone trivial, it is an overly simplistic model that does not take into account the physics of the phenomena involved. Moreover, it is easily affected by patient-specific conditions such as convective cooling to macrovascular perfusion. A more promising technique is the use of mathematical techniques to reduce the size of the computational problem, with minimal loss of accuracy. Altrogge *et al*. \[[@R89], [@R90]\] presented a multi-scale optimization approach for positioning electrodes during RFA. Model-order reduction techniques have been used to speed up optimization of parameters for hyperthermia treatment \[[@R91]\]. The ability to predict the success of an ablation in the vicinity of large blood vessels using computer models would be very useful when selecting treatment parameters for ablating such tumors. Fuentes *et al*. \[[@R74]\] recently reported a treatment planning scheme for interstitial laser prostate therapy incorporating real-time model predictive control. MR thermometry taken during a treatment was used to calibrate parameters for the thermal model and determine optimal power levels throughout the course of the treatment. While this was an excellent example of the use of theoretical models for planning and control thermal ablation of tissue, it required a cluster of \~20 computers for fast model computation and optimization. Such computational facilities will likely be unavailable at most centers. Thus, substantial efforts to obtain models of acceptable accuracy within reasonable computational times must be explored to make patient-specific planning a reality.

SUMMARY
=======

Microwave ablation is a thermal ablation mechanism capable of creating large ablation zones in shorter treatment times, compared to the current standard, radiofrequency ablation. Theoretical models predicting thermal profiles and tissue damage have played a substantial role in the development and understanding of devices used for MWA. Improved characterization of tissue properties and heat transfer mechanisms at elevated temperatures are required to improve models of high powered microwave ablation. Extensive validation of models *in vivo,* needs to be performed to verify their accuracy. Models including patient specific anatomies are being explored for pre-planning ablation therapies. Improvements in computation time will make these models more amenable for patient-specific treatment planning, similar to what is currently done for radiation therapy.

![Slice through a 3D finite element model of a coaxial double-slot antenna. Fine meshing (\~0.1 mm) is used in the antenna structure for accurate prediction of radiation pattern. Node spacing further away from antenna-tissue interface is on the order of 1 mm.](TOBEJ-4-27_F1){#F1}

![Comparison of (**a**) ablation zone in created *ex vivo* bovine liver and (**b**) theoretically predicted temperature profiles using comprehensive theoretical simulation including dynamic changes in tissue properties. The 60 °C isotherm is in good agreement with visible boundary of coagulated tissue. (Reprinted with permission from \[[@R45]\], © 2007 IEEE).](TOBEJ-4-27_F2){#F2}

![Flow of operations for a comprehensive theoretical model for microwave tissue ablation. The treatment may be terminated based on a thermal coverage of a pre-specified region or after a given treatment time.](TOBEJ-4-27_F3){#F3}

![Interactive planning suite for microwave ablation of liver tumors. Surgeons can evaluate different trajectory paths for inserting the antenna and observe the associated predicted ablation zone. (Reprinted with permission from \[[@R87]\]).](TOBEJ-4-27_F4){#F4}

###### 

Empirical Formulae for Tissue Properties as a Function of their Water Content

  Parameter                 Steady-State Value           Empirical Formula (and Reference)
  ------------------------- ---------------------------- -----------------------------------------------------------------------------------------------------------------------------------------------------------------------
  Dielectric permittivity   43.03 \[F/m\] (@ 2.45 GHZ)   $\mathit{\varepsilon} = 1.71f^{- 1.13} + \frac{\mathit{\varepsilon}_{s}^{m} - 4}{1 + \left( {f/25} \right)^{2}} + 4$ \[[@R40]\]
  Dielectric conductivity   1.69 \[S/m\] (@ 2.45 GHz)    $\mathit{\sigma} = 1.35f^{0.13}\mathit{\sigma}_{0.1} + \frac{0.0222\left( {\mathit{\varepsilon}_{s}^{m} - 4} \right)f^{2}}{1 + \left( {f/25} \right)^{2}}$ \[[@R40]\]
  Thermal conductivity      0.512 \[W/(m·K)\]            $k\left( v_{w} \right) = 0.603v_{w} + 0.04329 + \left( {0.778 - v_{w}} \right) \times 0.0316$ \[[@R34]\]
  Specific heat capacity    3600 \[J/(kg·K)\]            $k\left( v_{w} \right) = 0.603v_{w} + 0.04329 + \left( {0.778 - v_{w}} \right) \times 0.0316$ \[[@R34]\]
  Density                   1060 \[kg/m^3^\]             $\mathit{\rho}\left( v_{w} \right) = 1000v_{w} + 288.6$ \[[@R34]\]
